We investigated the effects of the initial stiffness of a three-dimensional elastomer scaffold-highly porous poly(glycerol sebacate)-on functional assembly of cardiomyocytes cultured with perfusion for 8 days. The polymer elasticity varied with the extent of polymer cross-links, resulting in three different stiffness groups, with compressive modulus of 2.35 AE 0.03 (low), 5.28 AE 0.36 (medium), and 5.99 AE 0.40 (high) kPa. Laminin coating improved the efficiency of cell seeding (from 59 AE 15 to 90 AE 21%), resulting in markedly increased final cell density, construct contractility, and matrix deposition, likely because of enhanced cell interaction and spreading on scaffold surfaces. Compact tissue was formed in the low and medium stiffness groups, but not in the high stiffness group. In particular, the low stiffness group exhibited the greatest contraction amplitude in response to electric field pacing, and had the highest compressive modulus at the end of culture. A mathematical model was developed to establish a correlation between the contractile amplitude and the cell distribution within the scaffold. Taken together, our findings suggest that the contractile function of engineered cardiac constructs positively correlates with low compressive stiffness of the scaffold.
Introduction
Cardiac tissue engineering can provide functional threedimensional constructs to be used either for restoring heart function or as an in vitro model for studying cardiac development and disease. A common approach is to combine cells-primary cardiomyocytes 1, 2 or their precursors derived from adult or embryonic stem cells 3, 4 -with biomaterials and to apply biochemical and biophysical cues-such as mechanical stretch 5 or electrical stimulation 6, 7 -to regulate tissue development.
An important consideration in this process is the selection of a biomaterial scaffold that serves as a three-dimensional template for directing cell attachment, differentiation, 8, 9 organization, 10 and functionality. 11 An ideal biomaterial for cardiac tissue engineering should be biocompatible, safely degradable, have pores large enough to support the cells and allow cell interconnectivity, and have mechanical properties that resemble the native cardiac tissue. 12 Poly(Glycerol Sebacate) (PGS) meets many of these demands, and has been used for both vascular 13 and cardiac tissue engineering. 11, 14 PGS is a tough elastomer with controllable mechanical properties that can be processed into scaffolds with high porosity ([90%) , and large (150-200 lm) interconnected pores. As shown in our previous studies, 15, 16 PGS can also be processed into scaffolds with arrays of channels for medium flow, thereby enabling efficient control of oxygen supply while protecting the cells from nonphysiologic hydrodynamic shear stress.
In vitro, the stiffness of the initial scaffold is expected to influence the progression of cell differentiation and assembly into engineered cardiac tissue. It has been shown that the differentiation status of a skeletal myoblast can be directly influenced by the stiffness of the substrate it is grown on, and that the myotubes cultured in two-dimensional (2D) settings differentiated optimally on materials with a stiffness mimicking that of native tissue. 8 It was postulated that a myocardium-like elasticity enables actomyosin striation and effective transmission of contractile work between the cells and the matrix. 17 In vivo, the mechanics of cell microenvironment also plays a key role in directing cell fate. The stiffness of infarcted myocardial tissue changes with time from soft to rigid, as the collagenous scar forms, a factor that is likely to determine the success of stem cell transplantation or cardiac patch implantation into the infarcted heart. 18 Presumably, there is a specific state of myocardial remodeling in which the biochemical and mechanical environment within the infarct bed is most suitable for supporting the recovery of the contractile function of the ventricle by transplanted cells.
We hypothesized that the in vitro development of engineered cardiac tissue from isolated cells on a three-dimensional (3D) scaffold will depend on the initial scaffold stiffness. We tested this hypothesis by culturing neonatal rat cardiomyocytes on PGS scaffolds with a range of compressive stiffnesses, with the application of laminin coating (to enhance cell attachment) and medium perfusion (to enhance oxygen supply to the cells necessary for their viability and function in thick tissue constructs).
Materials and Methods

PGS prepolymer synthesis
The synthesis of PGS was performed according to a previously published method. 13 Briefly, equimolar amounts of glycerol and purified sebacic acid were mixed in a 500-mL three-neck flask equipped with a N 2 bubbler, a thermocouple adaptor, and a Dean-Stark trap. The reaction was kept at 120 C under N 2 for 22 h. The N 2 bubbler was then removed, a vacuum line was attached, and the reaction mixture was kept at 100 mTorr and 120 C for another 52 h. The resulting PGS prepolymer was a pale yellow, highly viscous liquid (M n ¼ 9.6 kDa, PDI ¼ 9.3).
PGS scaffold preparation
PGS scaffolds of three different stiffnesses have been generated as in our previous studies 16 by varying the polymer curing time. The curing times of 12, 32, and 36 h at 150 C resulted in PGS scaffolds with a low, medium, and high compressive stiffness.
PGS scaffold storage and sterilization
For storage time of up to 3 months, the PGS scaffolds were kept in a closed jar with a desiccant to maintain their dry state. Before use, the scaffolds were cored using an 8 mm biopsy punch, autoclaved (20 min at 121 C), and soaked in a series of 70, 50, and 25% ethanol solutions (15 min each), PBS (15 min), and in culture medium (overnight) to remove the unreacted monomers and condition the scaffold surface.
Laminin coating
For coated groups, scaffolds were incubated for 2 h at 37 C in a solution of 10 lg/mL laminin immediately following the PBS rinsing step, rinsed with sterile water to remove unattached laminin and soaked in culture medium overnight. 19 
Cell isolation
Cardiomyocytes were isolated from 2 day-old Sprague Dawley rats (Harlan) as previously described 16 according to an IACUC approved protocol. Briefly, ventricles were quartered, incubated at 4 C in a 0.06% (w/v) solution of trypsin in Hank's balanced salt solution (HBSS, Gibco), and subjected to a series of digestions (3-4 min, 37 C, 150 rpm) in a 0.1% (w/v) solution of collagenase type II in HBSS. Cell suspensions from the 4-5 digestions were collected and preplated in polystyrene culture flasks for a 75-min period to enrich for cardiomyocytes. The nonadherent cells were collected and counted using a hemocytometer.
Scaffold seeding with cells
Cardiomyocytes were seeded at a density of 1.35 Â 10 8 cells/cm 3 into disk-shaped scaffolds (8 mm outer diameter Â 1 mm thickness), by perfusing cell suspension through the inner 5 mm scaffold core for 2 h, as previously described. 16, 20 Scaffolds were placed in custom-designed perfusion cartridges and held in place by silicone gaskets, directing the culture medium to flow through the inner 5 mm core of the scaffolds ( Figure 1A ). Medium perfusion (1 mm/s flow velocity, alternating flow direction every 2 min for 2 h) causes cells to become entrapped in the PGS pores. Immediately after seeding, a 2.5 mm biopsy punch was used to core out the central part of the scaffold, and obtain a ring-shaped construct (2.5 mm inner diameter, 5 mm outer diameter of the uniformly seeded region, and an 1.5 mm outer edge held by a gasket).
Construct culture
The ring-shaped constructs were cultured with medium perfusion 21 in high glucose DMEM supplemented with 10% Figure 1 . Overview of perfusion systems for ring-shaped cardiac constructs.
Two disc-shaped PGS scaffolds were placed in perfusion cartridges, held in place with a silicone gasket, and connected via tubing in a loop configuration (A). A cardiac cell suspension was then perfused through the scaffold pores, leaving 8 mm diameter constructs with the inner 5 mm homogeneously seeded. Then the inner 2.5 mm of each scaffold was removed via biopsy punch. One ring-shaped construct was placed into each of the six bioreactor wells and held in place between a polycarbonate ring of the bioreactor and a removable placement cap (B). The central core of each scaffold (8 mm outer diameter, 2.5 mm inner diameter) was perfused, whereas the outer edge (dotted line) was held by the placement cap (C).
fetal bovine serum for 8 days. During cultivation, the constructs were loosely confined between a polycarbonate ring and a removable placement cap that allowed the constructs to contract without floating away due to the flow. In this configuration, the seeded inner core (5 mm diameter) was exposed to medium that flowed through the inner 2.5 mm diameter hole ( Figure 1B) . A flow rate of 83 lm/sec through the central hole of the scaffold was used, with alternating flow direction after every 10 min for the duration of the 8-day culture period.
Assessments
DNA quantification
One half of each construct (n ¼ 6 per group) was digested overnight at 56 C in 1 mL of 1 mg/mL proteinase K solution (pH 7.5), prepared in 10 mM Tris with 1 mM EDTA (from Sigma-Aldrich, St Louis, MO). All samples were then analyzed by using Quant-iT TM PicoGreen V R dsDNA Assay Kit (Invitrogen Corporation, CA), according to the manufacturer's protocol.
Cell seeding efficiency
The seeding efficiency, defined as the percentage of initially seeded cells that attached to the scaffolds, was determined by comparing the DNA content present in each scaffold after 2 h of perfusion seeding to the reference DNA value determined for aliquots of the seeding cell suspension. For reference samples, cells were centrifuged to obtain pellets, digested with proteinase K solution, and analyzed using the PicoGreen assay. As these samples contained the same number of cells initially seeded per scaffold, they served as a reference (100% value) for seeding efficiency. For cultured cardiac constructs, samples were cut in half and weighed, digested with proteinase K solution, and analyzed using the PicoGreen assay. The linear relationship of the PicoGreen fluorescence with the cell number allowed us to directly calculate the seeding efficiency as the ratio of measured values.
Histology
For histological analysis, one half of each scaffold was fixed overnight in 4% neutral buffered formalin, embedded in paraffin, sectioned in 5 lm thick sections through the 1 mm thick cross-section of the scaffold, and stained with hematoxylin and eosin (H&E). Color images were acquired by Q-imaging camera mounted to a light microscope (Olympus).
Scaffold porosity
The porosity of each scaffold was determined using the following equation 13 :
For each scaffold, the dry mass and thickness were recorded after lyophilization, and the apparent scaffold density (q d ) was calculated from the scaffold dry weight and volume, where q PGS was the density of nonporous PGS polymer which was 1.2 g cm À3 at 25 C. Results of three measurements for each scaffold (n ¼ 5 scaffolds) were averaged.
Mechanical properties in compression
The mechanical properties were evaluated using a Synergie 100 mechanical analyzer equipped with a 50 N load cell as previously described. 13 Briefly, disc-shaped samples (9.52 mm in diameter Â 1 mm thick) were cut, autoclaved 20 min, rinsed with 70, 50, 25 ethanol, and PBS, 15 min each, then evaluated while wet. Each sample was preloaded at 0.1 N, and compressed three times at 10% increments, up to the final strain of 30%, at a rate of 1.00 mm/min. The test results for each sample and compression cycle were averaged (n ¼ 3), and the compression modulus was determined as the slope of the stress strain curve at 30% strain. The measured values were divided by (1 À e), where e is the scaffold porosity, to normalize for the differences in scaffold porosity.
Mechanical properties in axial tension
The tensile properties of PGS scaffolds were tested using an Instron Microtester 5848 (Instron, Norwood, MA, USA). The dry scaffold was cut into rectangular strips (40 mm long Â 6 mm wide Â 1 mm thick), autoclave-sterilized as described above, and evaluated while wet. The sample length and width were measured using a caliper, and the thickness was determined using an electronic digital micrometer (model 302M; Boecheler, Tuscon, AZ, USA). The wet samples were held by adjustable spring clamps at each end, a preload of $0.02 N was applied and the samples were stretched at an axial speed of 0.2%, using two experimental protocols. In the first protocol, tension until rupture was measured, the force response was recorded, and the elastic modulus was calculated as the slope of the stress strain curve at 30% strain. The measured values were divided by (1 À e) to normalize for the differences in scaffold porosity. In the second protocol, tension until 20% strain was followed with the removal of force. The two stress-strain curves were compared to determine whether the matrices are elastomeric.
Contractile behavior of engineered constructs
Contractile activity of the engineered constructs in response to electrical field stimulation was assessed after 8 days of culture, by measuring the excitation threshold (the minimum stimulation voltage required for synchronous contraction) and the maximum capture rate (the maximum beating frequency that could be induced by electrical pacing), using methods established in our lab. 7 The amplitude of contraction (fractional area change) was also measured from videos of paced constructs by using a custom Matlab program. 7 
Implantation in an Animal Model of Cardiac Ischemia
We have developed a rat model of infarction secondary to total coronary occlusion for implantation of a cardiac patch. Briefly, the left anterior descending coronary artery (LAD) was exposed through a left thoracotomy. A prolene suture is passed around the LAD and tied. Following ischemia, PGS scaffolds (1 cm diameter Â 1 mm thick discs, high and low stiffness groups) were sutured onto the infarct bed. The duration of implantation was 2 weeks, and the perioperative mortality was under 10%.
Mathematical modeling of contractile behavior
To understand the effects of the construct shape and cell distribution on the contractile behavior of engineered constructs, a simple mathematic model was developed and solved using COMSOL Multiphysics 3.3 (Burlington, MA, USA). Elastic response of the construct was analyzed by modeling the strain distribution at the state of maximum construct contraction.
As the thickness of the sample is relatively small compared with the sample diameter, the out-of-plane stresses (r z , r rz , and r y z ) approximate zero, and the plane stress model could be adopted. Engineered constructs were assumed to be linearly elastic, with a Young's modulus (E) of 5 kPa, a value corresponding to the measured tensile modulus of the medium-stiffness scaffold group. For such porous scaffolds, the Poisson's ratio m, defined as the ratio of transverse strain perpendicular to the applied load to the axial strain in the direction of applied load, ranges from 0 to 0.5, with 0 representing maximum compressibility (i.
where e 0 represented an initial isotropic stain (analog to thermal strain) because of the contractility of cardiomyocytes, which was assumed to be proportional to local cell density. For the axially symmetric case analyzed here, the governing equations for the state of plane stress are:
Free boundaries were assumed at the inner (r ¼
As the actual cell distribution is dependent upon nutrient transport, we modeled cell density as a function of distance from the wall of the inner core.
To determine cell distribution, after 8 days of perfusion culture, H&E stained cross sections were imaged and divided into five equal 500 lm long segments, starting from the wall of the inner core. For each segment, the number of cells was counted and the local cell density was calculated. The average cell density over the entire section was also determined, and the corresponding cell contractility was assumed to be À0.1%. The local contractility (i.e., e 0 ) profile was then obtained for each segment in proportion to the measured local cell density.
With Eqs. 1 and 2 and the obtained contractility profile, strain distributions (r r , r y , and r ry ) in the construct were calculated with COMSOL, using triangular meshes and the linear UMFPACK solver.
Statistical analysis
Parametric student's t-test (with normal population and equal variances) was used to determine statistical significance between samples. Results with P \ 0.05 were considered significant.
Results
By varying the polymer curing time, we generated three groups of poly(glycerol-sebacate) (PGS) scaffolds with different mechanical properties in compression and tension (Figure 2A,B) and different porosity. The low, medium and high PGS stiffness groups had respectively a tensile modulus of 34.55 AE 1.26, 86.90 AE 3.59, and 167.76 AE 26.72 kPa and a compressive modulus of 2.35 AE 0.03, 5.28 AE 0.36, and 5.99 AE 0.40 kPa (in the low end of the range of elasticity of developing passive myocardium 17 ).
To confirm that the scaffolds remain elastomeric after the curing process, mechanical properties were measured in tensile tests at large deformations (20% strain), with cycles of loading and unloading. In all cases, the scaffolds returned to their original shape after the force had been removed, and had comparable stress-strain profiles during the loading and unloading phase (Supporting Information Figure 1) .
The porosity of the low, medium, and high stiffness groups was 76, 89, and 90%, respectively. Curing time had a significant impact on scaffold morphology and the physical and mechanical properties.
14 As the curing time increased, the scaffolds' dimensions were closer to those of the mold, and the moduli of the scaffolds increased. When curing time was 36 h, the scaffolds effectively maintained their dimensions without shrinking upon salt leaching and lyophilization. The scaffolds with a curing time of 12 h were significantly cohesive and adhesive, deformed much more easily due to insufficient crosslinking, and had smaller scaffold volumes, and therefore, higher polymer densities and lower porosities.
Low and high stiffness PGS scaffolds (acellular) were successfully implanted in the rodent model of cardiac infarction, without infection or adverse reaction to the elastomer implantation. Both the low and high stiffness scaffolds were easy to suture, without tears or breakdown of the material. At the time of the explant (2 week time point, Figure 3A -D), the scaffolds were partially degraded but still in place. A fibrous capsule formed around the site of the implantation, which is considered normal at 2 weeks after implantation. All the implants were well integrated with the surrounding tissue and contained infiltrating cells; therefore, PGS scaffolds in the studied stiffness range seem appropriate for future implantation studies.
Laminin-coating of PGS scaffolds before cell seeding markedly improved cell attachment, construct cellularity, and contractile behavior. On noncoated PGS scaffolds, the low, medium, and high stiffness scaffolds had seeding efficiencies of 59 AE 15, 68 AE 28, and 76 AE 9%, respectively. Laminin coating of low stiffness scaffolds resulted in an increase of cell seeding efficiency from 59 AE 15 to 90 AE 21% ( Figure  4A ). The increased seeding densities clearly correlated with the enhanced cell attachment and less-round cells on laminin-coated surfaces ( Figure 4D ,E). After 8 days of perfusion culture, SEM analysis showed that cells deposited more extracellular matrix in laminin-coated scaffolds ( Figure  4F ,G). The total DNA content was also significantly higher in laminin-coated constructs ( Figure 4B ). Most importantly, significant increase in contractility was observed for constructs grown using laminin-coated scaffolds, as evidenced by increased amplitudes of contraction both on the inner and outer edges of the constructs ( Figure 4C ). Based on these results, all scaffolds in further experiments were coated with laminin before cell seeding.
Following 8 days of perfusion culture, the constructs in each of the three stiffness groups maintained their ring shape but became more compact, especially on the inner edge of the ring. From the histology sections, we observed that in the low and medium stiffness scaffolds cells were producing matrix through the entire 1 mm thick cross section, but were present in greater abundance towards the inner edge of the ring ( Figure 5A,B) . In the high stiffness scaffolds, cells were markedly sparser and produced markedly less extracellular matrix, as assessed histologically ( Figure 5C ).
Total DNA content, contraction amplitude, and compressive modulus were measured for constructs in each of the three groups after 8 days of perfusion culture ( Figure 6 ). The total DNA per construct was significantly higher in the low and medium stiffness group than in the high stiffness group ( Figure 6A ), a result corroborating histological findings ( Figure  5) . Consistently, the amplitude of contraction decreased with an increase in scaffold stiffness ( Figure 6B) . In all groups, the contraction amplitude was higher at the inner edge of the ring (where cell density was greatest) than at the outer edge ( Figure  6B ). The fold of increase in the stiffness of engineered constructs, after 8 days of culture, was also highest for the constructs grown using low stiffness scaffolds ( Figure 6C ).
Finally, we constructed a mathematical model of our engineered constructs based on the actual cell distribution observed in the cultured tissue (Figure 7) . Although the amplitude of contraction was higher at the inner than at the outer edge, the entire volume of the construct contracted in response to electrical field pacing, and the contractions of the inner and outer edge were in phase with one another ( Figure 7A ). As measured, 30 AE 1.7% of the cells were located within the interior 500 lm wide region of the ring, and the percentage of cells in each region decreased with distance from the inner edge. Very few cells were located beyond the 2.5 mm wide region from the interior edge, and for the modeling purposes we assumed no cells to be located beyond this point ( Figure 7B ). The model predicted that the majority of radial strain in the construct occurs in the region of highest cell density, and that the radial strain decreases with the distance from the inner edge, as the cell density decreased. This is consistent with the measurements of the fractional area change that decreased from the inner edge to the outer edge. As a control case, we modeled the contractile behavior of a construct with spatially uniform cell distribution and showed that in this case the radial strain does not vary with the distance from the inner edge to the outer edge. The combined results of measurements and mathematical modeling therefore suggest that the differences in fractional area change between the inner and outer edges are because of the nonuniform cell distribution and not the construct shape.
Discussion
Although it has been shown that substrate stiffness plays a critical role in the development of engineered tissues, it is still difficult to translate the previous work performed in two Figure 4 . Cell seeding efficiency was assessed for cardiac constructs generated with low stiffness PGS scaffolds with (1L) or without (2L) laminin coating following 2-h perfusion seeding (A).
After 8 days of culture in perfusion, DNA content per construct (P \ 0.01) (B) and the percentage of area change during pacing (* ¼ means statistically different from all the other groups, P \ 0.05) (C) were assessed for cardiac constructs generated starting with low stiffness scaffold previously coated with (þL) or without (ÀL) laminin. SEM images were acquired for constructs generated with low stiffness scaffolds with (E, G) or without (D, F) laminin coating following either 2-h perfusion seeding (D, E) or 8-day culture (F, G). dimensional culture systems 8 into three dimensional engineered tissue constructs. For two-dimensional substrates, the stiffnesses of $1 and $17 kPa were, respectively, below and above the optimal range for muscle cell differentiation. 8 In three-dimensional constructs, scaffold stiffness was shown to direct the organization of differentiated myoblasts. 22 Our study investigated the effect of scaffold mechanical properties on the formation of engineered cardiac tissue, using neonatal rat cardiac myocytes cultured on PGS scaffolds of three different stiffnesses in a bioreactor with medium perfusion ( Figure 1) .
We chose to use ring-shaped scaffolds based on earlier results where ring-shaped constructs had greater beating amplitude and higher cell density and extracellular matrix deposition than disc-shaped constructs. 23 As in this previous study, an 8-day culture period was long enough to allow the assembly of contractile cardiac constructs. To limit the expose of cells to hydrodynamic shear, we chose a relatively low flow rate (83 lm/sec), previously shown to support the development of engineered cardiac constructs. 24 Biocompatibility studies of PGS scaffolds, by implantation into rat heart ventricles, gave results consistent with previously demonstrated biocompatibility of PGS material. 25 Both the high and low stiffness scaffolds were readily sutured to the heart wall in a rat infarction model, without any apparent tearing or damage to the scaffolds. Two weeks after implantation the scaffolds had begun to integrate with the ventricle wall, with blood vessels extending into the scaffold pores in both groups (Figure 3 ), suggesting that PGS scaffolds in this stiffness range were appropriate for implantation. The celladhesion properties of PGS scaffolds can be enhanced by coating with adhesive proteins or by grafting hydrophobic moieties to the hydroxyl groups. 25 In a study with rat aortic endothelial cells, coating PGS scaffolds with laminin (a protein found in the matrix of many tissue types, including cardiac muscle) resulted in significantly higher DNA content and proliferating cell percentage, lower apoptotic cell percentage, and a more spread cell morphology. 19 Laminin coating in conjunction with 5-azacytidine supplementation enhanced the commitment of stem cells toward a cardiac lineage. 26 Thus, we expected that laminin coating would enhance the functionality of engineered cardiac tissues through positive effects on cell spreading and integration with the scaffold material. As expected, an improvement over using no coating was seen in laminin-coated scaffolds in terms of cell seeding efficiency and matrix deposition and most notably the contractile properties of the engineered tissues (Figure 4) . Throughout the culture, the cells reside in a 3D environment-initially within The functionality of the different stiffness groups was assessed by measuring fractional area change of the inner and outer edges of the ring, as defined in the legend (* ¼ statistically different from the results within the same other group, either outer or inner, P \ 0.05) (B) and the modulus in compression was measured at 30% strain (C). Mathematical modeling of contractions for constructs with measured or uniform cell distributions. The experimental distribution (B) was measured as described and fit with a polynomial curve. Our model was then used to predict regions of shortening in the case of the observed cell distribution (C).
cell aggregates and subsequently by interacting with the scaffold and the newly synthesized matrix. Scaffold stiffness proved to be a key determinant of the functional properties of engineered cardiac tissue. Stiffness and porosity differences between the groups did not affect the seeding efficiency. All three stiffness groups promoted tissue formation and the development of synchronous contractions, but the greatest amplitude of contraction was found with low stiffness PGS. In the high stiffness group, extracellular matrix was sparse and the final cell density was low ( Figure 5 ), resulting in poor contractility compared to other groups ( Figure 6) .
Curing of the PGS prepolymer leads to reactions between the residual OH and COOH groups, and can thereby change surface properties. As stiffer scaffolds are likely to have less unreacted OH and COOH groups than soft scaffolds, curing can result in some differences in the surface properties of the scaffold groups, which in turn may affect laminin coating and the cell behavior. However, as only a molecular layer of laminin is deposited on the scaffold surface, there should be no effect of laminin on scaffold stiffness.
The cells constantly respond to the matrix stiffness, in vitro and in vivo, in a process that can be described as dynamic reciprocity. 12 Interestingly, the Young's modulus in compression was highest for constructs that started with the lowest stiffness PGS (Figure 6 ), reflective of the enhanced matrix deposition and cell spreading seen in this group. Consistent with previous studies, 8, 17 there seem to be a window of the scaffold stiffness, which is optimal for the stimulation of contractile phenotype and functional cell assembly.
Adjustment of scaffold stiffness by curing time resulted in the concurrent change of scaffold porosity. The range of porosity of the three scaffold groups (76-90%) is suitable for tissue engineering applications, but there was a trend of change between the groups, with the stiffest scaffolds having the highest porosity. Because the higher porosity did not lead to higher cell density (Figures 4 and 6) , it is reasonable to attribute the different construct outcomes to scaffold stiffness rather than porosity. Still, the two effects could not be completely separated in the present study. Moreover, longer curing time results in higher density of cross-links that also results in slower degradation of scaffold material by plain hydrolysis. On the other hand, PGS degradation is catalyzed by enzymes, a cell type dependent mechanism independent of the degree of crosslinking or stiffness of the scaffold. 27 Taken together, these findings suggest that differences in scaffold degradation were not significant for the results of the present study, because of the relatively short duration of both the in vitro and in vivo experiments, but may indeed be important for longer times of implantation.
In all stiffness groups the area change measured at the inner edge of the constructs was greater than that measured at the outer edge. There were two possible reasons for this effect: (1) nonuniform cell distribution favoring a higher cell density at the inner edge, and (2) the ring-shaped geometry allowing for greater contraction amplitude at the inner core. Greater cell density was observed towards the central part of the ring-shaped constructs, likely an effect of flow and increased nutrient transport near the central hole. By mathematical modeling we compared the effects on contractile amplitude of the actual cell distribution to a hypothetical spatially uniform distribution (Figure 7) . For the uniform cell concentration case, shortening was the same at the inner and outer edges of the construct, whereas for the experimentally measured distribution shortening was greater at the inner edge of the ring, as we observed for our engineered constructs. Cell distribution thus plays a role in the development of contractile properties of engineered cardiac tissue, presumably because of the related effects to cell coupling.
Summary
In this study, we show that the stiffness and surface coating of elastomer scaffolds play major roles in the development of engineered cardiac tissue. Of the three groups tested, the lowest stiffness group (2.35 AE 0.03 kPa modulus in compression and 34.55 AE 1.26 kPa modulus in tension) resulted in engineered tissues with the greatest contraction amplitude, matrix deposition, and compressive modulus after 8 days of cultivation with medium perfusion. Greater contraction amplitude was observed at the inner edge than at the outer edge of the ring-shaped constructs, and a mathematical model created to analyze the contractile behavior demonstrated that the effect was because of the differences in cell density. In sum, soft elastomer scaffolds coated with laminin and cultured under conditions supporting high densities of viable cells enhanced the material properties and contractile behavior of engineered cardiac constructs.
